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ABSTRACT

A central issue in magnetic resonance imaging of human brain
function using blood oxygenation level-dependent (BOLD) contrast
is the accurate interpretation of the signal changes that are observed.
Using a method that incorporates repeated phase rotation and
convolution with a smoothing function to simulate spin diffusion in the
presence of magnetic field perturbers, the dependencies of the
absolute and relative changes in transverse relaxation rates (AR}
and AR,) on biophysical and physiologic parameters were explored.
First we introduce the modeling methodology. Then we simulate AR
and AR, as physiologic and biophysical parameters are modulated
within the ranges that they vary across subjects and voxels in the
brain. The simulations demonstrate that the AR} and AR, values that
occur with activation-induced changes in blood oxygenation depend
most strongly on the resting state blood volume and field strength.
The AR}/AR, ratios depend most strongly on the vessel radius and
spin diffusion coefficient. © 1995 John Wiley & Sons, Inc.

I. INTRODUCTION

A goal in functional magnetic resonance imaging (FMRI) is
the complete understanding of the relationship between brain
activation and the observed MR signal changes. In pursuit of
this goal, biophysical models that are based on the current
understanding of cerebral hemodynamics, blood suscep-
tibility, proton dynamics, and MR physics have been formu-
lated. The model formulation and testing process can give
insight into the factors that contribute to the observed
activation-induced MR signal changes, and may eventually
lead to a quantifiable correlation between the observed signal
changes and the underlying neuronal processes.

Several models describing brain activation-induced blood
oxygenation level-dependent (BOLD) MR signal changes
have been published. The models of Ogawa et al. [1],
Weisskoff et al. [2, 3], Kennan et al. [4], Yablonsky et al. [5],
and Boxerman et al. [6-9] are particularly instructive in
describing specific aspects of BOLD contrast. Most of the
models consider two fundamental variables in the context of

BOLD contrast: magnetic field perturbers and proton dy-
namics.

Red blood cells and blood vessels are considered here to
be magnetic field perturbers. They have a magnetic suscep-
tibility that is sensitive to the oxygen saturation of hemoglo-
bin. During brain activation, the oxygen saturation of hemo-
globin is thought to increase locally, causing the magnetic
susceptibility of the perturbers to decrease.

The dynamics of protons in the vicinity of these perturbers
affects the relative manner in which irreversible (T,-related)
and reversible (T%-related) dephasing takes place. In the
context of FMRI-related spin dephasing effects, proton diffu-
sion has been considered to be the most relevant dynamic
process. In the models mentioned above, these diffusion
effects are simulated using random walk (Monte Carlo)
methods. The positions of the individual spins are tracked
over time and their phase histories are recorded.

In this study, diffusion was simulated by a deterministic
technique first introduced by Wong et al. [10]. This technique
uses the convolution of a spin density map with a smoothing
function, and is deterministic in that no random variables are
used.

In this article we describe a simple biophysical model
which is based on first-order approximations of resting and
active state cerebral hemodynamics, vessel architecture, blood
oxygenation, and proton dynamics. The fundamental vari-
ables that are considered include: a) the susceptibility-induced
frequency shift, which is modulated by blood oxygenation,
magnetic field strength, and hematocrit; b) the vessel geome-
try, which includes vessel radii, vessel orientation, and blood
volume: and c) the diffusion coefficient, which is considered
here to be isotropic and unrestricted. The relative and
absolute effects of varying these factors on AR, (spin-echo)
and AR?% (gradient-echo) signal are compared with the ex-
perimental results reported in literature.

As a review, the rationale behind the choice of physiologic
and biophysical variables in the modeling process is first
discussed. Second, the relationships, as they have been
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presented in the literature, between blood oxygenation and
spin precession frequency in the vicinity of the particular
geometry chosen (infinite cylinder) are then described. Third,
the details of formulation and implementation of the de-
terministic biophysical model are given. Fourth, an example is
presented to illustrate the salient details of the model. Fifth,
validation of the deterministic modeling method is carried out
by comparison with results of Ogawa et al. [1] who used
Monte Carlo methods to simulate spin diffusion. Lastly,
several physiologic and biophysical parameters are modulated
and the effects on the simulated R, and R% are observed.

Il. MODELING CONSIDERATIONS

When attempting to model a physical phenomena, it is ideal
to have all of the model parameters accurately represented.
Then, the relative significance of each parameter can be
precisely determined by repeated simulations in which each
parameter value is modulated, keeping all other parameters
constant. However, in this particular modeling problem,
almost all of the parameters (concerning cerebral hemody-
namics, blood oxygenation, and proton dynamics) are impre-
cisely known, and the relative contribution of each parameter
to the activation-induced MR signal changes is not clearly
understood. These variables may also vary from voxel to
voxel in space. Under these circumstances, the applicability of
the model was evaluated by determining whether the simu-
lated results agreed with absolute and relative activation-
induced AR* and AR, values described in the literature. The
relative importance of the various parameters was evaluated
by varying one parameter at a time, keeping all the other
parameters constant.

A. Resting State Physiologic Considerations

1. Hemoglobin Saturation. The susceptibility of blood is
linearly proportional to the fractional hemoglobin saturation,
Y [11]. As blood passes through microvessels in the vicinity of
metabolically active cerebral tissue, oxygen is delivered to the
tissue, causing the partial pressure of oxygen in the blood
(pO,) to decrease from approximately 95 to 30 mm Hg [12].
The relationship between pO, and Y is approximately given
by [13]:

Y/(1- Y)=(|'J02"rpsn)-:'N (1)

where P, the pO, at which ¥ =0.5, equals 26 mm Hg [14].
The fractional saturation of hemoglobin is therefore reduced
from 0.97 (arterial side) to 0.59 (venous side) as blood passes
through the capillary bed. In the simulations we assume that
the MR signal is primarily affected by blood oxygenation
changes in the venous end of the capillaries, venuoles,
collecting veins, and pial veins. We therefore use a resting Y
value of 0.6.

2. Vessel Radius. As described in a study by Duvernoy et
al. [15] of the anatomic structure of the human cerebral
vasculature, vessel radii vary considerably: central pial ar-
teries, 130-140 pm; peripheral pial arteries, 75-90 um; ar-
terioles at the cortex surface, =25 uwm; arteriol anastomoses
(connecting arterioles), 12—-45 pm. Arteries that penetrate the
cortical surface have diameters generally dependent on the

134 Vol. 6, 133152 (1995)

depth of penetration. Their diameters at the base range from
120 pm (deepest arterioles) to 5 wm (most shallow arterioles).

Other vessel radii also vary: central pial veins, 140-
190 pm, peripheral pial veins, 60 pm; the largest principle
veins (largest intracortical vein), 40-62 um. As a side note,
principle veins generally penetrate the cortex in a perpen-
dicular manner and drain surrounding cortical areas within a
radius of 0.5-2 mm. Considering a cortical thickness of 3 mm,
the draining volume would be 0.75-12mm”. Other draining
veins have radii which depend on their depth of penetration
and cortical drainage area. In the largest of these. the radii
are 32 um. In the smallest, the radii are 10 wm. Other
cortical veins branch out tangentially and have radii similar to
those of draining veins.

Capillaries have radii ranging from 2.5-4 um. Capillary
orientation is generally random, but shows some orientation
preference in several cortical layers (I, tangental to cortex
surface; 11, palisading, IV, tangential).

In the simulations presented subsequently, the vessel
radius is varied from 2.5-20 pm. Above 20 pm, as will be
discussed, the diffusion effects are minimal and AR3/AR,
approaches infinity, therefore obviating the need to increase
simulated radii further. When keeping the radius constant and
varying other parameters, we chose a radius of 10 um for the
simulations. The motivation for this choice is related to the
fact that when simulation results of Ogawa et al. [Figure 6 of
(1)] are compared with data presented in the literature [16—
22], which generally give an AR%/AR, ratio between 3/1 and
4/1, the “average” vessel size comes out to be about 10 pm.
The simulations presented here also show general agreement
with this result. In these preliminary simulations an “average”
compartment size (or vessel radius) was chosen with the
understanding that it represented a weighted combination of
radii ranging from 2.5 pm (capillaries and red blood cells
within larger vessels) to 190 w (central pial veins).

3. Vessel Orientation. As mentioned earlier, the cerebral
vasculature has some structure and orientation relative to the
cortical surface. The larger the vessel, the more likely that it
will display a single orientation in a voxel. The relative effects
on relaxation rate changes by variation of vessel angle were
observed in one simulation. In all other simulations, a random
vessel orientation distribution, ranging from 0 to #/2, was
used.

4. Blood Volume. The cerebral blood volumes that are
used in many simulations are in the range of 2-5%. One
caveat to this assumption is that if the brain is divided into
voxels, as for an imaging experiment, the fraction of the voxel
that is blood may vary widely. It is likely that the hetero-
geneity in the distribution of blood volume in each voxel is
smallest for the smallest vessels and largest for larger vessels.
It can be assumed that capillary blood volume, about half of
the total cerebral blood volume, is homogeneously distributed
across voxels. In larger vessels, it is very likely that a single
vessel may completely fill several voxels, giving a 100% blood
volume. In general, larger vessels that change in oxygenation
may give a very large signal change simply because of the
large blood volume in those particular voxels.

Simulations of the relative effects on activation-induced
signal changes by variations in resting state blood volume
were carried out. When other parameters were varied, we
used a fractional blood volume value of 4%. It was under-



stood that 80% of the total cerebral blood volume is con-
tained in veins and capillaries [23]. As will be discussed later,
activation-induced changes in oxygenation occur primarily in
veins and capillaries. Assuming a total (arteries, capillaries,
and veins) fractional blood volume of 5%, it is therefore
reasonable to use the value of 4% to account for the capillary
and venous blood being considered.

5. Hematocrit. The average hematocrit in healthy humans
falls in the range of 30-50 (i.e., 30%—50% of blood volume
consists of red blood cells), but varies considerably in vivo
with vessel diameter [23]. It may vary from 50 in the largest
vessels to as low as 30 in capillaries. In these simulations, a
hematocrit of 42 was used.

6. Proton Dynamics. The final model consideration is that
of proton dynamics in the presence of magnetic field pertur-
bers. Proton dynamics include diffusion, exchange across red
blood cell membranes. and exchange across capillary walls.
Also, movement of red blood cells relative to protons may be
considered to be proton dynamics, because the extent of
dephasing depends on relative and not absolute dynamics.
The diffusion coefficient of free water has been measured to
be about 2.5 um®/ms [24,25]. In contrast, the diffusion
coefficient of protons in the brain was measured to be 1 wm?/
ms [26]. Diffusion in gray matter may also be restricted and
anisotropic. The average velocity of red blood cells is about
0.3 mm/s in the capillaries [15,23].

In the simulations performed, the relative relaxation rate
changes are observed as the diffusion coefficient is varied.
When other parameters are varied. the diffusion coefficient
was set equal to 1 wm?/ms. Diffusion was also considered to
be unrestricted and isotropic.

B. Activation-Related Physiologic Considerations. Dur-
ing cerebral activation, neuronal and subsequent hemody-
namic events take place. Through incompletely understood
mechanisms [23,27-51], arteriolar sphincters open, causing
an increase in blood flow. This increase in blood flow is
generally accompanied by capillary recruitment, venous vessel
distention, and an increase in flow velocity where vessels
neither distend nor are recruited. Despite these marked flow
changes, it has been demonstrated that the oxidative metabol-
ic rate does not increase proportionally [48] during brain
activation.

As discussed by Weisskoff et al. [3]. the relationship
between resting and activated states of blood oxygenation,
blood flow, and oxidative metabolic rate can be described
using the principle of conservation of mass or the Fick
principle, which dictates that total oxygen is conserved. The
relationship between resting (rest) and active (act) flow (F),
blood oxygenation in arteries (Q,) and veins (Q, ). and tissue
oxygen consumption (Q'), is given as:

£ (0 =0 ) O = h (O = O )0 (2)

During activation, a 5% increase in oxidative metabolic
rate has been reported [48]. While it is possible that this
increase may affect the MR signal in several subtle ways, it is
considered to be negligible in these simulations (Q/,,, = Q! ).
Equation (2) therefore reduces to:

(Qram_‘ - QJ'IJI.J)I(Q”“I‘} E Q:-“.“} = Frf-\.r"'Fm'r > (3)

This relationship demonstrates that an activation-induced
increase in flow unaccompanied by an increase in oxidative
metabolic rate decreases the arterial-venous oxygenation
difference by increasing the venous oxygenation. This de-
crease in the arterial-venous blood oxygenation difference
causes an average increase in blood oxygenation in the vicinity
of the activated region.

The relationship between blood volume and blood flow is
less clear. From the positron emission tomography (PET)
literature. a coupling between flow and volume changes has
been characterized in the context of hypercapnic stresses [52].
This relationship is given by:

Vil = (BL B D) 4

Application of Equation (4) to activation-induced flow and
volume changes requires that activation-induced changes
follow similar mechanisms as those created as a result of
hypercapnic stresses. Whether these mechanisms apply to the
smaller and more localized activation-induced changes is
unknown.

Fox et al. [48]. using PET, measured an activation-induced
increase in blood flow of about 30%, which using these
relationships is associated with a change in venous %HbO,
from 60 to 65%. Using a bolus injection of Gd (DTPA) in
conjunction with dynamic MRI [46], an average activation-
induced blood volume change of 32 = 10% was measured.
This volume change is associated with an increase of flow of
75% and a change in venous oxygen saturation from 60 to
76%. In the models of Ogawa et al. [1] and Weisskoff et al.
[3]. activation-induced increases in blood flow of 70 and 75%,
respectively were assumed. These changes correspond to an
increase in venous blood oxygenation from a resting level of
60% to activated levels of about 73 and 74%, respectively.

From these literature values, it can be inferred that
activation-induced increases in blood flow range from 30-
70%. This range is quite large and may depend on many
variables, which may include differences in the measurement
methods and the type of brain activation. Also, the relation-
ship between blood volume and blood flow is an estimate
which also depends on many variables that may not be
constant in all regions of activation and between subjects.

We also characterized the effect of blood oxygenation and
blood volume changes on the MR signal. Keeping all other
parameters constant, blood volume and oxygenation were
varied over a wide range. The effect of flow changes, in
themselves, on MR signal were not explicitly studied. The
nonsusceptibility-related flow effects on MR signal have been
extensively modeled elsewhere [53-56] and empirically char-
acterized [53,56-60]. Also, when using a TR =1s, nonsus-
ceptibility-related MR signal changes related to flow changes
are minimal relative to susceptibility-related signal changes
[58].

When simulating the dependence of MR signal on parame-
ters other than blood oxygenation and volume, we kept blood
oxygenation and volume fixed at 60% (assumed venous
oxygen saturation) and 4%, respectively, or we assumed an
activation-induced venous oxygen saturation change from
60% (resting) to 75% (active). Activation-induced changes in
blood volume were not considered in most of the simulations
(i.e., a constant volume of 4% was assumed), but a demon-
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stration of the relative effects that a combined increase in
blood volume and oxygenation have on the MR signal is
given. In general, it is shown that the activation-induced
increases in blood oxygenation greatly outweigh the effect
from an increase in blood volume.

Other hemodynamic changes that may be significant and
are not simulated directly include activation-induced changes
in blood flow velocity, proton exchange rate, and hematocrit.

C. Biophysical Considerations. The relationship between
the nuclei procession frequency and the applied magnetic field
is given by:

w, =7vB, (3)

where w, is the Larmor (or precession) frequency in rads per
second. The value vy is the gyromagnetic ratio (267.5 X
10° rad/T for protons). The value B, is the strength of the
applied magnetic field (Tesla). If, within a voxel, the magnetic
field is perturbed (i.e., by an object having a susceptibility not
equal to the surrounding medium), a distribution of B, will be
present. The spins will therefore precess at different fre-
quencies and lose coherence (dephase), generally causing a
loss of signal. As will be described in more detail, this
dephasing depends on several other factors, including the
dynamics of the spins in the vicinity of the field perturber, the
geometry of the perturber, and the magnetic susceptibility
(Ay) of the perturber.

In the following section, the relationship between blood
oxygenation and spin precession frequencies within the vicini-
ty of a vessel containing whole blood is described. First, the
relationship between blood oxygenation and resonance fre-
quency independent of vessel geometry is considered. Second,
geometrical considerations are included.

Weisskoff et al. [11] measured the volume susceptibility
difference between fully deoxygenated blood and fully oxy-
genated red blood cells to be 0.18x 10°° (cgs units). To
obtain the bulk susceptibility of whole blood (blood cells and
plasma), it is necessary to multiply this number (applicable to
red blood cells) by the volume fraction of red blood cells in
the vasculature. Considering a hematocrit of 42, the suscep-
tibility difference between fully oxygenated and fully de-
oxygenated whole blood is 0.756 x 10",

Neglecting geometry at this point, the relationship between
the frequency offset and the oxygenation of red blood cells is:

Aw = 27w, Ax(1 —Y) (6)

where Y is the fractional blood oxygen saturation and Ay is
the susceptibility difference between fully deoxygenated red
blood cells and surrounding plasma. As a reasonable approxi-
mation, the susceptibility of fully oxygenated blood cells and
surrounding plasma is considered to be equal. When consider-
ing whole blood effects (i.c., the frequency offset induced by
a vessel containing blood), it is necessary to multiply the fully
deoxygenated red blood cell Ay by the fraction of red blood
cells in the vessel (i.e., hematocrit/100). Equation (6) can
also be considered to describe the frequency offset induced at
the surface of an infinite cylinder having a susceptibility
difference Ay and oriented perpendicularly to B,.

An infinite cylinder having susceptibility difference Ay that
is placed in a magnetic field causes B, distortions that are
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Figure 1. The geometrical relationships that determine resonant
frequency shifts in the vicinity of an infinite cylinder placed in a
magnetic field, B,.

highly dependent on the orientation of the cylinder and
location in space relative to the cylinder. The geometric
relationships of the cylinder are illustrated in Figure 1. The
spatial dependence of the induced frequency offset, Aw, on
the orientation of the vessel (infinite cylinder) relative to the
direction of B, is given below [I.61]. The variable Aw’ is
equal to Aw, given in Equation (6).

Outside cylinder: Aw(r, 0, ¢) = Aw' sin” (0 )alr)® cos(2d) (7)
Inside cylinder: Aw(f) = Aw'[3 cos*(0) — 1]/3 (8)

The angle of the cylinder axis relative to B, is 6. The radius of
the cylinder is a, and the distance from the center of the
cylinder to the point of interest along a plane perpendicular to
the cylinder is r. The angle between the vector, r, and the
component of B, on the perpendicular plane is .

Because the magnetic field does not vary along the length
of the cylinder, these dephasing effects can be simulated in
two dimensions. A subvoxel cell, as described subsequently,
was used. In this cell we used one cylinder at a time, having a
random @ distribution between 0 and #/2, and then carried
out the complex addition of the magnetization in each cell in
each time increment to compute the degree of dephasing. The
effect of overlapping fields was not considered here.

The net phase shift created between intravascular spins and
extravascular spins was taken into consideration. Intravascular
dephasing as a result of susceptibility differences between red
blood cells and plasma was not considered here. The amount
of intravascular signal can vary considerably, as the T, and T3
of blood at a given hematocrit and oxygenation varies with
field strength. Models using Monte Carlo methods [6,7,9]
and ongoing work using the method presented here consider
this potentially significant intravascular dephasing effect.

In general, the significance regarding the effects on the
relative magnitudes of the transverse relaxation rate changes
of curved geometry, overlapping cylinders, intravascular ef-
fects, or heterogeneous spin dynamics is unclear. In later
stages of modeling work. the significance of these parameters
should be considered. It is necessary, though, first to construct
a simplified model such that the most basic relationships can
be understood. This model was formulated as a first step to
aid in the clarification of fundamental relationships between
basic parameters (which are modulated) and relative gradient-
echo and spin-echo dephasing effects.



ll. DETERMINISTIC “PHASE ROTATE” AND “SMOOTH”
MODEL

In this section, details are given as to how the simulation
parameters—diffusion coefficient, vessel radius, blood vol-
ume, blood oxygen saturation, field strength, and vessel
orientation relative to B,—were manipulated. Also, a descrip-
tion is given of the manner in which the effects of diffusing
spins through microscopic magnetic field gradients are simu-
lated.

A. Matrix Construct: Subvoxel Map Relationships. Com-
puter modeling of diffusion effects has been performed with
random walk simulations which track the positions of a group
of spins over time and record their phase histories [1. 2, 4. 6,
8, 62, 63]. This requires the calculations of randomized
trajectories for a large number of spins to arrive at a solution
with high precision. In the simulations presented here. diffu-
sion is simulated by convolving a spin density map with a
smoothing function. This method, first introduced by Wong et
al. [10], was the basis for our method of modeling diffusion
effects.

At any instant in time, the state of the spins in a voxel can
be described by maps of the magnetization at subvoxel
resolution. If these maps are sufficiently fine so that they are
smooth over the unit cell, then for the purposes of the MR
signal they completely define the state of the spins in that
voxel, and it is not necessary to track the phase history of
individual spins. In every unit of time, di, the effects of
diffusion and susceptibility can be described by a smoothing
function (i.e., a Gaussian distribution) and a spatially depen-
dent phase rotation (i.e., by a rotation matrix derived by the
Aw map), respectively. If dr is small enough so that the
distance spins move due to diffusion is small relative to the
scale of the field inhomogeneities, then this will be a good
approximation of the simultaneous diffusion and dephasing

capillary

radius

&

X

Figure 2.

process. It was determined that a dt of 1 ms was a sufficiently
small time interval such that, in the range of geometries,
susceptibilities, and diffusion coefficients common to the
cerebral vasculature, the error due to quantization of time was
<1% [10].

To simulate diffusion in the presence of a field perturber,
three two-dimensional (128 x 128) subvoxel maps were
created. The first map is of complex magnetization. At time =
0, this map is real and uniformly one. The second map is the
frequency offset of Aw and is converted into a map of the
corresponding rotation matrices for one time interval, dr. The
third map is a probability distribution map for diffusing spins
in the span of one time interval, dr. As will be demonstrated,
the magnetization map is “‘phase rotated™ and “smoothed™ in
l-ms intervals. In each 1-ms step. the magnetization of each
voxel evolves in the presence of a specific Aw, and then is
smoothed by the probability function. The methods by which
these two maps are created and used are described sub-
sequently.

Figure 2 shows the relevant variables in the creation of the
Aw map and the Gaussian map. Figure 2a shows the relation-
ships that determine the radius of the capillary relative to the
matrix size. Because the map is two-dimensional, the fraction-
al blood volume is proportional to the area of the capillary
relative to the area of the entire map. Figure 2b is the
Gaussian probability distribution for a randomly diffusing spin
over time interval dr. As described by Le Bihan et al. [24], the
probability that a molecule travels a distance r during a time
interval r can be described, in the case of a simple liquid, by a
Gaussian distribution with zero mean. The mean squared path
of the diffusing molecule (also the variance of the distance
traveled). (r*). is proportional to the time interval, ¢, accord-
ing to the Einstein equation, which, in three dimensions, is:

6Dt = (r*) (9)

where D is the diffusion coefficient. Because magnetization

probability distribution
in time dt

Parameters relevant to the subvoxel matrices in the simulations: (a) the capillary matrix; (b) the probability distribution matrix.
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does not vary parallel to an infinite cylinder axis, the projec-
tion of Equation (9) onto two dimensions is considered in the
simulation. The projection of the mean squared path onto a
two-dimensional plane is given by:

4Dt= (r?) . (10)

The next step is to derive the relationship between the
standard deviation, o, of the Gaussian distribution used in the
simulation and the physical parameter that is considered (i.e.,
the diffusion coefficient, D). A Gaussian distribution func-
tion, f(r), with mean =0 and standard deviation = o is given
below [64]:

]_ e()

f= V2mo

(11)

The mean squared path of a freely diffusing spin, (r*). is
equal to the expectation value of r* in a Gaussian probability
distribution. This expectation value is obtained by integration
of the Gaussian times r* over all space, then by dividing by
the integral of the Gaussian only, over all space:

: '[]T r’ c(_')) rdr

G

D= )= 7 ; (12)
j" (%e()) rdr
Equation (12) reduces to:
4Dt = {r*y =20". (13)

The relation between the standard deviation of the Gaussian,
o, and D is given by:
o=V2Dt (14)

where ¢ is equal to dr, the time increment used in the

simulations. The probability function, after normalization to
the matrix dimensions is:

LX XLY
prob(x, y) = (T)

where LX and LY are the probability density matrix dimen-
sions, and x and y are the coordinates within the matrix.

At this point, it is instructive to give several examples of
the dependence of the Aw maps and the Gaussian maps on
the parameters that can be manipulated. Figures 3-8 show
how the Aw maps and the Gaussian maps vary with: a)
diffusion coefficient; b) vessel radius; c) fractional blood
volume; d) fractional blood oxygen saturation; e) magnetic
field strength, B,; and f) the angle between the cylinder axis
and the B, vector. In each example, the parameters that are
held constant are given at the bottom of each figure.

Figure 3 gives an example of how the Gaussian probability
density map changes when the diffusion coefficient is varied.
The Aw map remains the same but the width, in pixels, of the
Gaussian is increased as D increases from 1 to 20 um®/ms.

Figure 4 gives an example of how the Gaussian map
changes when the vessel radius is varied. The Aw map again
remains the same but the width, in pixels, of the Gaussian is
decreased as the radius is increased from 2.5 to 20 pm.

Figure 5 gives an example of how both the Gaussian and
Aw maps change when the fractional blood volume is varied:
The vessel radius, in submatrix pixels, is increased (because
the area is proportional to the blood volume) and the width of
the Gaussian increases accordingly to match the width of the
simulated vessel (so that the diffusion distance relative to the
vessel radius is kept constant). Here, the blood volume
fraction is varied from 2-20%.

Figure 6 gives an example of how the Aw map changes
when the fractional blood oxygen saturation is varied. When
whole blood becomes less saturated. the frequency offsets in

I (f;ﬁ)
> € 22

o

(15)

A diffusion coefficient

2.5 umzfms

2
1 um/ms

-
»

10 pmzfms 20 umzr'ms

Wl 76.2

Aw (rad/sec)

Figure 3. Example of the manner in which the Gaussian map changes when the diffusion coefficient is varied.
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A radius

2.5 um

5um

3 E]:g o
Y = 0.60
Bo= {530
D =1.0 um?/ ms

10um 20 um

0 76.2

Aw (rad/sec)

Figure 4. Example of the manner in which the Gaussian map changes when the vessel radius is varied.

the vicinity of the cylinder are increased. Here, the blood
oxygen saturation is varied from 90 to 0%.

Figure 7 gives an example of how the Aw map changes
when the magnetic field strength, B,, is varied. When the field
strength is increased, the frequency offsets in the vicinity of
the cylinder are increased. Here, the field strength is varied
from 0.5-4.0T.

Finally, Figure 8 shows an example of how the Aw map
changes when the angle, 6, between the cylinder axis and the
direction of B, is varied. The field distortions (frequency
offsets around the cylinder) are nonexistent when the cylinder

is parallel to B, . Here, the angle. 6, is varied from 0
(parallel) to 90° (perpendicular).

These basic examples illustrate the relationships that were
created to simulate susceptibility effects in the presence of
diffusing spins. In the next section, the details of the simula-
tion process are described.

B. Diffusion Simulation Methodology. At time zero, we
placed uniform and coherent transverse magnetization across
the matrix. With each “phase rotate™ and “smooth™ iteration,
every subvoxel in the matrix accumulated a particular real and

A volume

4%

rad = 5 um

6 =90°

Y =0.60
Bo=15T
D=1.0 um?/ ms

10% 20%

B 76.2

Ao (rad/sec)

Figure 5. Example of the manner in which the Aw and Gaussian maps change when the fractional blood volume is varied.
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A 02 saturation

60%

30%

+133.4

I 190.6

Aw (rad/sec)

Bo=1.
D=1.0um?/ms

Figure 6. Example of the manner in which the Aw map changes when the fractional blood oxygen saturation is varied.

imaginary component. This iteration process is illustrated
schematically in Figure 9. To simulate a 180° RF pulse, as
would be applied for a spin-echo sequence, the imaginary
component of the magnetization was multiplied by —1 at
time = TE/2.

An example is given to demonstrate the simulation pro-
cess. In this example, a single cylinder oriented perpen-
dicularly to B, is used. The echo time of the experiment is
60 ms. The vessel radius is 10 wm, the diffusion coefficient is
1 wm?/ms, and the field strength is 1.5 T. The blood oxygen-
ation saturation is 0.6, and the hematocrit is 42. Figures 10

and 11 show the time evolution of the magnetization during
gradient-echo and spin-echo sequences respectively. Real (i),
imaginary (g), and magnitude () maps evolve in time from
left to right. Ten iterations take place between each box. In
the gradient-echo simulation, the imaginary component begins
to resemble a blurred version of the frequency offset map
(Aw) used in this simulation. Signal (m) dropout is observed
as a result of subvoxel dephasing over time.

In the spin-echo map, the sign of the imaginary component
map is reversed immediately prior to the 30-ms maps. After
the application of the 180 pulse, the phase is reversed. If no

A By

15T

rad =5 |

vol = 4%

6 =90°

Y = 0.60
D=1.0um?/ ms

30T

+152.5

I 2033

Ao (rad/sec)

Figure 7. Example of the manner in which the Aw map changes when the magnetic field strength, B,, is varied.
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Figure 8. Example of the manner in which the Aw map changes when the angle, #, between the cylinder axis and B, is varied.

diffusion were to occur, both the real and imaginary com-
ponents would return to maps of 1s and Os, respectively, at
the echo time, TE. However, the signal does not completely
recover because the diffusion processes causes spins to ex-
perience different B, fields in different locations before and
after the 180° pulse.

Figure 12 demonstrates the evolution of the signal intensity
over time for the spin-echo and gradient-echo sequences. The

signal intensity at each time point is calculated by complex
addition of the magnitude.

IV. SIMULATIONS

The goal in these simulations was to characterize the depen-
dencies of AR% and AR, on relevant physiologic and bio-
physical variables. An understanding of these dependencies

x (TE/dt)
e ———

Am map

3 cos (Am dt) sin (Ao dt)

-sin (Ao dt)

magnetization

"phase rotate "

rotation maitrix

cos(Awm dt)

Gaussian

"smooth"

Figure 9. The basic methodology of the simulation involves an iterative process by which the magnetization map is multiplied by the
frequency offset map and subsequently convolved with the Gaussian map. The iteration step, dt, is 1 ms in this simulation.
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Figure 10. Gradient-echo simulation. The time evolution of the real (i), imaginary (g), and magnitude (m) components of the magnetization
as they evolve during the iterative phase rotation and smoothing process.

may allow more accurate interpretation of activation-induced
signal changes. This section includes basic simulations, model
validation, a demonstration of AR% and AR, dependence on
Aw and 7, and AR% and AR, dependence on physiologic
parameters.

A. Basic Simulations. It is instructive to provide a demon-
stration of the relative (spin-echo to gradient-echo) signal

changes that occur if only the vessel radius is varied. Three
signal vs. time plots for each pulse sequence corresponding to
vessel radii of 2.5, 5, and 20 wm are shown in Figure 13a and
b.

With the spin-echo sequence, the signal intensity remained
high for the smaller vessel, then dropped for the intermediate-
size vessel, and increased when the vessel size was increased
to 20 um. For the smallest vessel, the overall spin coherence

Spin-Echo

m A

Time Oms 10ms 20ms, 30 ms 40 ms 50 ms 60 ms

180° pulse

Figure 11.

Spin-echo simulation. The time evolution of the real (i), imaginary (g), and magnitude (m) components of the magnetization as

they evolve during the iterative rotation and smoothing process. The 180° pulse reverses the sign of the imaginary component, but because of
the diffusion process, the spins are not completely refocussed at the echo time TE.
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Figure 12. Corresponding plots of signal vs. time for the simulated
spin-echo and gradient-echo sequences, corresponding to the maps
in Figures 10 and 11. The 180° RF pulse is applied for the spin-echo
sequence.

remained high as a result of the relatively rapid diffusion-
mediated averaging of field offsets contained in the small
region around the 2.5-pm vessel. At the other extreme (20-
pm-size vessel), the diffusion effects were minimal because of
the relatively large region that the field offset covered relative
to the diffusion distance. In this case, the 180° pulse almost
completely reversed the dephasing effects created by the large
vessel; and thus, the diffusional averaging was minimal.

With the gradient-echo sequence, the signal intensity
decreased monotonically as the vessel size increased. Diffu-
sional averaging of the field gradients, which maintained spin
coherence, decreased as the size of the perturber increased. A
180° pulse was not applied; therefore, the spin phase was not
reversed.

As the vessel size approaches infinity, the diffusion effects
approach zero. In this case, the spin-echo sequence shows
complete recovery of signal at the echo time, TE, and the
gradient-echo sequence is maximally dephased, having no
motional averaging effects which tend to maintain spin coher-
ence.

The relative effects of perturber size, frequency offset, and
diffusion coefficient on relative spin-echo and gradient-echo
signals has been categorized roughly into “‘exchange regimes.”
This description, given in Table I, is an approximation based
on spherical geometry, but is also useful when discussing
cylindrical geometry. When the radius, R, equals 20 um and

Spin-Echo
1.00 -
e
— 0.994 .
1]
(=
2
& 0.98 L
0.97 T TR T o Y] s
0 10 20 . 30 40 50 60
Time (ms)
a

Table I. Exchange regimes commonly referred to when describing
the effects of magnetic field perturbations on transverse relaxation
rates.

Slow exchange T(6w) = 1 AR = AR,
AR, =AR7

Intermediate exchange T(6w) =1 ARSI = AR,
AR’ < AR}

Fast exchange T(6w) <1 ARL=AR,
AR, =0

D equals 1 wm’/ms, the frequency offset at the surface of the
vessel, Aw, equals 76.2rad/s, (i.e., %HbO,=60%. B, =
1.5 T; hematocrit =42, considering that Ay of completely
deoxygenated blood cells equals 0.18 X 107°); and Aw(R*/
D)=30.5. In this “slow exchange” or “linear gradient™
regime, spin-echo signal showed much less attenuation than
gradient-echo signal, as is demonstrated in Figure 13.

When the vessel radius was changed to 5 wm, (all other
parameters remaining the same), Aw(R*/D)=1.90. In this
“intermediate exchange” regime, both the spin-echo signal
and gradient-echo signal showed less attenuation overall.

Finally, when the vessel radius was changed to 2.5 um (all
other parameters remaining the same), Aw(R*/D)=0.476. In
this ““fast exchange’ or “motionally averaged™ regime, both
the spin-echo and gradient-echo signals showed the least
attenuation overall.

To apply these effects to activation-induced signal changes
caused by a change in Ay, the simulation was performed at
two different blood oxygenation saturation values: 0.60 and
0.75. The relative changes in signal corresponding to a change
in blood oxygenation from 0.60 to 0.75 are shown in Figure
14.

If the assumption is made that the source of the signal
change is due to the transverse relaxation rate that can be
modeled as a single exponential, then the relationship be-
tween signal and relaxation rate is:

— Ln(Sa/Sr)ITE = AR,(*) . (16)

where Sa and Sr are the active and resting state MR signal
intensities. AR,(*) stands for either AR, or AR?%. This is a
more general manner of describing the relative spin-echo and
gradient-echo signal changes, because, given a relaxation rate
change, the percent signal change will increase with TE. The
relationship between the percent signal at a given TE and
AR, () is:

Gradient-Echo

1.00 - — il
— -'_""—“-.__ - B
o
0.98] o 5.0 pm [
T 096 \:
5 20.0 pm |
¢ 0.94] £
0,92 i

0.90 B
0 10 20 30 40 5¢ 60

Time (ms)

Figure 13. The effect of changing the perturber radius on: (a) spin-echo and (b) gradient-echo signal.
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Figure 14. (a) Example of signal evolution for spin-echo (SE) and gradient-echo (GE) sequences when the perturber of radius: (a) 20 pm;

(b) 5 um; and (c) 2.5 um has Ay altered in a manner corresponding to an activation-induced blood oxygen saturation change from 0.60 to

0.75.

Percent signal change = 100(e sl (17)

The fractional signal change increases in an approximately
linear manner with TE, but the signal difference reaches a
maximum at TE = T,(*). It is for this reason that most FMRI
studies are performed at TE = T,(*).

In all simulations, the active (Sa) and resting (Sr) signals
were obtained at a TE of 60 ms. The signal change was then
converted to AR? and AR, by the use of Equation (16). It was
determined that the fairest spin-echo to gradient-echo com-
parison would be at TE values which were the same and
within the range typically used experimentally. Therefore, a
TE of 60 ms was chosen.

The AR%/AR, ratios from this example increased from 1.53

Aw =+ 76.2 (rad/sec)

vol = 4%

Y =0.60 -> 0.75
Bo=15T
D=1.0 ym2/ms

(fast exchange) to 2.38 (intermediate exchange). to 9.98 (slow
exchange). Figure 15 complements the results obtained in
Figure 14. The frequency offset map is shown on the upper
left, and the Gaussian probability distributions relative to the
ficld map for each radius are shown on the right.

B. Model Validation. As a validation of the model meth-
odology. a direct comparison was made with results obtained
from the Monte-Carlo simulation method of Ogawa et al. [1].
We made two specific comparisons. First, a comparison was
made with the study of the off-resonant frequency depen-
dence of AR? shown in Figure 3 from Ogawa et al. [1].
Second, a comparison was made with the study of spin-echo

R=2.5um
(R/D) (Aw) = 0.476
AR2 2

78)/(-0.118)
=153

"intermediate" R=5.0 um

(R¥D) (Aw) = 1.90

AR2'AR2 |
= (- 0.422)/(-0.177)
=2.38

R =20.0 um

(R#/D) (Aw) = 30.5

AR2'/AR2
=(-0.912)/{-0.091)
=908

Figure 15. Summary of the magnetization map and the Gaussian distributions used for the signal decay plots shown in Figure 14. At
(R*/D)Aw = 0.476 (“‘fast”), ARA/AR, = (—0.178/-0.116) = 1.53. At (R*/D)A, =1.9 (“intermediate”) AR:/AR, = (—0.422/—0.177) = 2.38.

At (R?/D)Aw = 30.5, AR3/AR, = (—0.912/—0.0091) = 9.98.
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to gradient-echo fractional signal change ratio dependence on
vessel radius that is shown in Figure 6 from Ogawa et al.

For comparison, the parameters and units were matched to
the studies presented in the work of Ogawa et al. [1]. In the
first comparison, AR% was measured at five different Av (Hz)
values. The perturber radius was set to 2.5 um. The diffusion
coefficient used was either zero or 1 um?/ms (free diffusion).
The blood volume fraction used was 2%. The value of AR}
was obtained by setting Sa =1 and Sr = the signal intensity
obtained from the simulation. The results of the deterministic
(“*phase rotate”™ and ‘“smooth’™) simulation are shown in
Figure 16a, which demonstrates that with D = 0, the change in
AR% was linear with Av. In the case that D =1 um®/ms, the
dependence of ARY on A is greater than linear (approximate-
ly B!?). Both the shapes of the D =0 and free diffusion
D =1 pm®/ms curves and the actual values of AR* match the
results shown in Figure 3 of [1].

In the second comparison, using the deterministic model,
we measured the relative fractional signal attenuation be-
tween spin-echo and gradient-echo signal sequences (Figure
16b): TE =40; fractional blood volume =2%:; Av =40 Hz;
D=1 pum?*/ms. These results correspond closely to those
shown in Figure 6 from [1].

In general, although comparisons do not validate the
model for every circumstance, the close agreement demon-
strated between the results using the deterministic method
and the results of Ogawa et al. [1] is encouraging and serves
as an approximate validation of the technique.

C. General AR} and AR, Dependence on Aw and 7. This
section gives a general description of the dependence of ARY
and AR, on 7 (r=R’/D). However, instead of varying
parameters related to Aw (which include B,, hematocrit,
blood oxygenation, and Ay of fully deoxygenated red blood
cells), Aw is varied directly. Also, instead of varying parame-
ters related to 7 (including R and D), 7 is varied directly.
Figure 17 shows ARY (Sa =1, and Sr = signal intensity at
60 ms) vs. Aw over a range of R*/D values. The vertical bands
indicate the off-resonance frequency range that was covered
when the oxygen saturation of whole blood changed from (.60
(right edge of band) to 0.75 (left edge of band). At higher

D=1 umzfms

I L 1
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a

o T T 30T R%D
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Figure 17. AR} vs. Aw at different values of = (R*/D). The
increase in AR} is monotonic with frequency and . The vertical
bands indicate the maximum frequency shift at each field strength
that corresponds to a change in hemoglobin saturation from 0.6 to
0.75.

field strengths, the bands become progressively wider and
AR? also increases. These results illustrate that given the
same oxygenation change, the activation-induced signal
change will be greater at a higher field. The assumption was
also made that the relative intravascular and extravascular
baseline signal intensities were the same across field strengths.
As R?/D increased, AR’ became greater at a given Aw, but
the slope of the curve was nearly linear, especially at high Aw
values.

Figure 18 similarly shows AR, vs. Aw over a range of R*/D
values. At a given Aw, AR, was lowest at high R*/D (slow
exchange), then increased until a maximum was reached at
R?/D =25 ms (intermediate exchange), then decreased again
as R*/D decreased further.

Figure 19 shows AR%/AR, measured across Aw and R*/D.
The ratios increased with increasing R*/D. The ratios showed
a relative insensitivity to A, which is in agreement with the
reported ratios in the literature [20], demonstrating that the
measured AR%/AR, ratio is relatively field strength-insensi-
tive.
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Figure 16. Results from deterministic simulations that are directly compared with Monte Carlo simulations of Ogawa et al. [1]: (a)
Comparison with Figure 3 of Ogawa et al. Demonstration of susceptibility-induced R change calculated in a voxel containing 2.5-um blood
vessels. (b) Comparison with Figure 6 of Ogawa et al. The ratio of AS/S for spin echo to AS/S for gradient echo signal as a function of

cylinder radius (blood volume = 0.02, TE =40 ms, Av = 40 Hz).
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Figure 18. AR, vs Aw at different values of 7 (R*/D). As v was
increased, AR, increased, reaching a peak at r=25ms, then
decreased at higher 7 values.
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Figure 19. The AR}/AR, demonstrating that the ratio is relatively
insensitive to Aw.

D. AR} and AR, Dependence on Physiologic Parameters.
In this section, we modulated specific physiological parame-
ters, one at a time. Specifically, we analyzed the absolute and
relative AR% and AR, changes that occur when: a) the vessel
radius is varied across three field strengths; b) diffusion
coefficient is varied; c¢) blood volume is varied: d) vessel
orientation, relative to B, is varied; and e) blood oxygenation
is varied. The parameters and their corresponding values,
when not being modulated, are given in Table II.

Figure 20 shows the effects of varying the vessel radius
from 2.5 to 20 wm at 0.5, 1.5, and 3 T. Figure 20a is of AR,,
and Figure 20b is of AR3. The AR, values generally increased
with field strength. but peaked at a vessel radius of about
6 wm at all field strengths. The AR? values increased mono-
tonically with vessel radius. These relaxation rate changes
simulated across the entire range of radii and field strengths
were comparable to those measured in active cortical regions
[16,17,19-22, 58, 65].

Figure 21 shows the simulated AR%/AR, ratios at all field
strengths. As the vessel radius approached 0, the ratio
approached 1 and both of the relaxation rate changes ap-
proached 0. This illustrates an important concept regarding
endogenous susceptibility contrast. If the perturber size is too
small and is homogeneously distributed, bulk susceptibility
contrast will not exist. Other mechanisms not modeled here
may still contribute. Only bulk susceptibility contrast of a
compartmentalized field perturber that is large relative to the
surrounding spin dynamics can account for the differences
between AR% and AR, that are consistently observed. The
box in Figure 21 indicates the ratios typically measured
experimentally at the three field strengths [16, 18-20, 58, 65].
The average compartment size (likely some combination of
large vessels and intravascular red blood cell effects) is in the
range of 7-12 pm.

Studies by Hoppel et al. [22] of AR3/AR, on whole blood
during changes in oxygenation reported a ratio of 1.5, which
corresponds, in the simulated results, to a radius of 2.5 pm—
about the radius of a red blood cell. These similarities to the
whole blood data may be: a) incidental given the vastly
different geometries, field overlap, and proton dynamics; or
b) indicative that these geometric differences are not a large
factor when considering dephasing in the fast exchange
regime. More modeling studies, using this deterministic ap-
proach, of the effects of varying oxygenation on blood 77 and
T, are currently being pursued to answer some of these
questions and to complement modeling studies such as those
of Gilles et al. [66] and experimental studies on whole blood
such as those of Thulborn et al. [67] and Wright et al. [68].

Figure 22a shows the effect of the diffusion coefficient on
AR% and AR,. Without diffusion, AR,=0 and ARZ was
maximal for the Aw and blood volume used. As the diffusion
coefficient increased, the AR% decreased and AR, first in-
creased then decreased as D was increased further. Measured
values of AR% and AR, were comparable to the simulated
values at D =0-5 wm®/ms.

Figure 22b shows the AR5/AR, ratio vs. D. Most ex-
perimentally obtained data lay in the elbow of the curve,

Table II. Constant variable values used: radius, field strength, diffusion coefficient, blood volume, angle, and blood oxygen saturation are

modulated systematically.

Parameter Value

Blood oxygen saturation
Vessel radius 10 pm

Blood volume 49

Ay of deoxygenated red blood cells 0.18 x 10 “cgs
Vessel orientation Random distribution
Diffusion coefficient
Field strength (B,) 1.5 Tesla
Hematocrit 42

0.60 (resting) to 0.75 (active)

1 wm®/ms (isotropic and unrestricted)
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Figure 20. Effect of varying field strength on activation-induced changes in: (a) A, and (b) R:.

12.0

10.0

Pl [l

8.0

6.0

AR2*/AR2

4.0

2.0

0.0 +—— T = B T T [ TR L) [ o
0 4 g8 2t s o0
Vessel Radius (um)

Figure 21. Ratio of AR} (shown in Figure 6.25a) to AR, (shown in
Figure 6.25b) at 0.5 T, 1.5 T, and 3.0 T. The box indicates the typical
AR;/AR, ratios reported in the literature.

where the diffusion coefficients were comparable to those
found in the brain and in water. As D became large. the slope
flattened considerably. The values and ratios simulated for
diffusion coefficients >5 m*/ms may have been less accurate
because of digitization errors when using a step size of 1 ms.
: As mentioned, the blood volume may vary considerably
from voxel to voxel. Figure 23a shows the simulated relaxa-
tion rate changes as they related to resting state blood

A Diffusion Coefficient

AR2 & AR2* s

10 15 20 25

o
wm

D (um?%ms)

a

volume. AR? and AR, showed a strong dependence on blood
volume. The AR% and AR, values typically observed corres-
ponded to blood volumes between 2 and 7%. Figure 23b
shows the change in ARS/AR, with volume change. Here, the
ratio changed little.

In the brain and most likely in larger vessels, the pre-
dominant vessel orientation may vary considerably from voxel
to voxel. The changes in relative relaxation rates that
occurred with varying vessel angles are shown in Figure 24a.
As described in Equations (7) and (8). and shown in Figure 8,
the external gradients and intravascular frequency offsets
varied considerably with angle. The values of AR% and AR,
appeared to be largest at 90°—the angle at which the sur-
rounding gradients were largest. The effects were minimal at
45°—the angle in which the combined effect of the gradients
and the internal frequency offset were minimal. The AR? and
AR, values appeared to increase as the angle was reduced to
(°—the angle at which the external gradients did not exist and
the intravascular frequency offset was maximal.

The AR%/AR, ratio change vs. angle is shown in Figure
24b. The ratio increased, then reached a plateau. This is likely
related to the fact that the vessel was freely permeable and
that the sharp Aw difference (no gradient; just a step) that
began to form in the immediate vicinity of the vessel wall
(below 45°) contributed somewhat to spin-echo irreversible
dephasing.

The resting blood oxygenation may vary considerably from
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Figure 22. Effect of varying diffusion coefficient on activation-induced changes in R, and R%: (a) R, and R} vs. D. (b) ARZ/AR, vs. D.
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Figure 23. Effect of varying fractional blood volume on activation-induced changes in R, and R}: (a) Relative R, and R vs. blood volume.
(b) AR/AR, vs. blood volume.

AR2 & AR2* 5!

a

A Angle to B,

] ",..-‘—""'_“'"-

0o 1T T
] -1

-0.6

j AR2* s

4

0 10 20 30 40 50 60 70 80 90
6 (degrees)

A Angle to B

3.6

3.4
324 /

3.0-:

—

AR2*/ AR2

28]

28 . | (5 T B Yo [ P ) el S |
0 10 20 30 40 50 60 70 80 90
b 0 (degrees)

Figure 24, Effect of varying cylinder orientation relative to B, on activation-induced changes in R, and R;: (a) Relative A, and R} vs. angle
to B,. (b) AR;/AR, vs. angle to B,.

voxel to voxel, along with the activation-induced blood

oxygenation changes. If the slope of AR? or AR, vs. %HbO,

changes, this may have a large effect on activation-induced
signal changes. In the brain, the resting venous oxygen

AR2* and AR2 s™'

a

A%HDO,

saturation is assumed to be 60%. The changes in ARY and
AR, that occurred as %HbO, was increased to 75% were
simulated. Figure 25a shows AR3 and AR, vs. %HbO,.
Below 60% blood oxygenation, the slopes appeared to be
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Figure 25. Effect of varying hemoglobin oxygen saturation on relative transverse relaxation rate: (a) Relative A, and R} vs. %HbO,. (b)

ARL/AR, vs. %HbO,.
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Figure 26. The relationship between blood oxygenation saturation
and AR at different fractional blood volumes.

somewhat constant. Above a blood oxygen saturation of 60%.
the slopes appeared to decrease. Figure 25b demonstrates that
the AR%/AR, ratio was not strongly sensitive to %HbO,.

E. Blood Oxygenation Changes vs. Blood Volume
Changes. This section demonstrates that the concomitant
activation-induced change in blood volume contributes much
less significantly to the overall signal change than does the
change in blood oxygen saturation. A common question that
is asked in regard to the activation-induced MR signal change
is: “Given constant oxygenation and an increase in volume,
the MR signal drops, but given a constant blood volume and
an increase in oxygenation, the MR signal increases. As both
hemodynamic events happen during activation, which effect
dominates?” To answer this question, it is necessary to
determine the effects of simultaneous changes in blood
volume and oxygenation.

Figure 26 shows %HbO, vs. AR, similar to Figure 25a but
having one curve for each blood volume ranging from 2-20%,
as shown to the left. These figures most closely resemble the
physiologic process of vessel recruitment, because the vessel
radii are not varied when the volume is increased. Figure 26
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Figure 27. Hypothesized activation-induced changes in blood vol-
ume and oxygenation. The effect of an increase in oxygenation and
blood volume is opposite in sign, but the oxygenation effect domi-
nates.
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shows the simultaneous relationship between blood volume
and blood oxygenation. At the lowest oxygenation, a blood
volume increase of an order of magnitude caused a change in
ARZ of 85 '. At the highest blood volume, a similar change
in AR3 was caused only by decreasing the %HbO, by 50%.

Using the physiologic relationships in Equations (3) and
(4), we determined that with an activation-induced increase in
flow (69% increase), the venous blood oxygen saturation
would increase from 60 to 75%, and the blood volume would
increase from 4 to 5.2%. Figure 27 demonstrates ARY vs.
9%HDbO, for the resting and active blood volumes, and spans a
%HbLO, range from 0.6 (resting) to 0.75 (active). For the
resting state blood volume, AR (difference between 60%
blood oxygen saturation and 100% blood oxygen saturation)
was about 1.32s ', During activation, considering changes in
blood oxygen saturation only, the value of AR? decreased
along the same curve, to 0.5s ', a difference of —0.82s"'
(activation-induced signal change of 3.3% at a TE of 40 ms).
If changes in blood volume are considered, the AR? value is
measured at the same blood oxygenation. but on the curve
representing the higher blood volume. Here, the AR value
was about 0.62s ', a difference of —0.70s ' (an activation-
induced signal change of 2.8% at a TE of 40 ms). In general,
the small increase in blood volume caused a small reduction in
the activation-induced signal increase. but the increase in
blood oxygenation dominated.

V. DISCUSSION AND CONCLUSIONS

These simulations serve to clarify the mechanisms underlying
activation-induced MR signal changes. The simulation meth-
odology presented here provides a flexible and computational-
ly efficient alternative to Monte Carlo techniques. In these
simulations, we assessed the significance of physiologic and
biophysical parameters on activation-induced changes in R7
and R,.

The simulation method was first compared with a Monte
Carlo modeling method [1] and gave strongly matching
results. Second., when using approximate estimates of physio-
logic and biophysical phenomena during resting and activated
states, we obtained general agreement between simulated and
measured AR, and AR values [16, 17, 19-22, 58, 65]. These
results support the hypothesis that activation-induced signal
changes can be explained primarily by a bulk susceptibility
contrast mechanism.

More specific conclusions can also be made. The first is
that modulation of resting state blood volume and of field
strength had the strongest effects on the AR and AR, values.
This conclusion has important implications for FMRI. Blood
volume varies considerably from voxel to voxel. These varia-
tions across voxels likely modulate FMRI signal change
magnitude more strongly than spatial differences in ac-
tivation-induced oxygenation changes. For example, a large
vessel “downstream™ from an activated region, filling a voxel,
may experience a much smaller oxygenation change than the
capillaries and venuoles in the immediate vicinity of the
activated region but, because of the large blood volume in
that particular voxel, may still show the largest activation-
induced signal change for both spin-echo and gradient-echo
sequences. These “large vessel effects” have been alluded to
by several investigators [60.69-72]. Methods for removing
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these effects have ranged from vein identification methods
[58, 60, 69-71, 73, 74] to normalization of activation-induced
signal change maps to a blood volume map created by global
vasodilatation accompanying hypercapnia [75].

The strong simulated field strength dependence indicates
that a gain in functional contrast can be obtained by perform-
ing functional imaging at high fields. Experimental evidence is
conflicting; both BY® [20] and B!°® dependencies [76] of
activation-induced AR? have been reported. The stronger B,
dependence of the smaller radii vessels may indicate that at
higher field strengths, smaller compartments (capillaries and
red blood cells) may contribute more predominantly.

The second specific conclusion that can be made is that the
modulation of the diffusion coefficient and compartment size
radius had the greatest effect on the AR3/AR, ratio. Ex-
perimental studies have observed large spatial heterogeneity
in AR%/AR, [17,58,77], suggesting a large heterogeneity in
predominant compartment size or diffusion coefficient. The
average ratio measured in vivo is in the range of 3/1 to 4/1
[16, 18-20, 58, 65], suggesting with the assumed proton
dynamics and susceptibilities that the ““average” compartment
size is about 8—10 pm.

Modulation of field strength did not strongly affect the
simulated AR% /AR, values. These results are also in approxi-
mate agreement with preliminary experimental studies
[18, 20].

Finally, this model demonstrates that even though blood
oxygenation and blood volume increases during activation
cause opposite sign effects, blood oxygenation changes domi-
nate the signal change. This effect should not be confused
with the strong effect that resting state blood volume has on
ARY and AR,, given an oxygenation change and fixed volume.

Currently, four classes of BOLD models have been pub-
lished. The first class is that which only takes into considera-
tion the dephasing effects on extravascular spins by gradients
outside the simulated vessels [1-3, 8, 63]. The second class is
that which takes into consideration the intravascular phase
shift effect, neglecting the effects of external gradients on
dephasing [78]. In this second class, the cause for intravoxel
dephasing is the phase difference that accrues between the
intravascular spins and extravascular spins. The third class is a
combination of the first two classes, taking into consideration
both the external gradient dephasing effects and the internal
phase shift effects. The deterministic diffusion model pre-
sented in this report falls into this third class. The fourth class
is identical to the third class; in addition, however, intravascu-
lar dephasing due to red blood cell effects on blood plasma
spins is also considered [5-7,9]. It appears that this fourth
class is the most realistic class of models so far. Currently,
work is being performed to incorporate intravascular dephas-
ing effects into the deterministic diffusion model presented.

The ultimate goal of all FMRI contrast models is a
complete understanding of the variables that contribute to the
signal changes such that accurate localization of brain activa-
tion can be made; quantification of flow, volume, and oxygen-
ation changes can be made, and other useful neuronal,
hemodynamic, or biophysical information can be obtained.
Both careful experimentation and modelling are essential to
achieve this goal. The science and art of FMRI interpretation
is advanced at each iterative step of this experimentation and
modeling process.
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